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Abstract 
A Comparative Study Based on Patient-Specific 
Fluid-Structure Interaction Modeling of Cerebral 
Aneurysms 
by 
Tyler M. Brummer 
The Team for Advanced Flow Simulation and Modeling (T*AFSM) at Rice Uni-
versity has been developing techniques to address the computational challenges in-
volved in fluid-structure interaction (FSI) modeling. The Stabilized Space-Time FSI 
(SSTFSI) core technologies, in conjunction with an array of special techniques, is used 
in a comparative study of patient-specific cerebral aneurysms. Ten cases, from three 
different locations, are studied, half of which were ruptured. The study compares the 
wall shear stress, oscillatory shear index, and the arterial-wall stress and stretch, with 
the original motivation of finding significant differences between ruptured and unrup-
tured aneurysms. Simpler approaches to computer modeling of cerebral aneurysms 
are also compared to FSI modeling. 
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Chapter 1 
Introduction 
In 1808, the first theory of blood flow was introduced [85]. In 1881, the elastic 
properties of the arterial-wall were first investigated [34]. These two theories, though 
hypothesized independently, have inspired research in biomechanics and development 
of computational methods needed for that. While considering problems of blood 
flow in arterial networks, the blood flow causes fluid tractions on the surface of the 
elastic wall which cause structural displacements, making the structure dependent 
on the fluid forces. As the structure deforms, the fluid flow changes, making the 
fluid dependent on the structural shape. Thus, there is a need to correctly model this 
interaction. An approach to successfully model these coupling forces is known as fluid-
structure interaction (FSI) modeling. The Team for Advanced Flow Simulation and 
Modeling (T*AFSM) at Rice University has developed techniques for FSI modeling 
(see, for example, [50, 10, 3, 23, 11, 24, 51, 38, 32, 80, 65, 72, 73, 5, 25, 55, 60, 36, 59, 
47, 44, 84, 75, 28, 63, 62, 64, 35, 76, 4, 22, 16, 66, 77, 6, 7, 39, 40, 69, 78, 29, 79, 9, 
70, 8, 42, 41, 46, 30, 67, 45, 43]) 
Cardiovascular diseases are the leading cause of death and disability today. Aneurysms 
are one such disease and are estimated to plague six percent of the general popula-
tion. The two most common types of aneurysms are abdominal and intracranial, 
1 
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of which the later is the focus of this work. Intracranial anuerysms primarily oc-
curr near the circle of Willis, a major network of arteries that supply the brain with 
blood. Aneurysms arise from the degeneration of the arterial-wall, often the con-
stituents medial elastin and smooth muscle. The degeneration can occur from an 
array of risk factors such as genetics, age, smoking and drug use, direct head trauma, 
infection, brain tumors, hypertension, and other factors which are currently being 
studied. When the biomechanical factors of the arterial-wall have sufficiently de-
generated, hemodynamic forces cause the artery wall to balloon outwards forming 
the aneurysm. Rupture occurs when the wall stress exceeds the material strength 
of the arterial-wall and blood begins to leak into the intracranial cavity. Once an 
aneurysm ruptures, a patient has a 40 percent chance of death even if they recieve 
immediate medical treatment. Of those that survive treatment, 35 percent experi-
ence moderate to severe brain damage and only 15-30 percent experience mild or no 
difficulties [48, 81, 18]. 
Cerebral aneurysms are detected by various means such as Computed Tomo-
graphic Angiography (CTA), Magnetic Resonance Angiography (MRA), and in this 
effort 3D Rotational Angiography (3DRA). Once a cerebral aneurysm is detected, 
there are three methods of treatment. Medical therapy is for small, unruptured 
aneurysms where regular medical imaging to monitor growth and risk factors is used 
in combination with therapy to reduce medical conditions that cause rupture. Neu-
rosurgery is open surgery where the aneurysm is exposed and a neurosurgeon clips 
the aneurysm to occlude it from the arterial network. Interventional neuroradiol-
ogy / endovascular neurosurgery is a minimally invasive procedure where an endovas-
cular surgeon places soft platinum micro-coils into the aneurysm to reduce blood 
circulation. All treatment methods carry significant risk and there is a pressing need 
to distinguish whether or not an aneurym needs treatment and what aneurysms are 
more susceptible to rupture [48, 81, 18]. 
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The focus of this thesis is to summarize the tools developed by the T* AFSM to 
model aneurysms using FSI and perform a comparative study of ruptured to unrup-
tured aneurysms. Ten cases, from three different locations, are studied. Half of the 
cases were ruptured. We compare the physical characteristics of wall shear stress 
(WSS), oscillatory shear index (OSI), and the arterial-wall stress and stretch in an 
effort that was originally motivated by looking for significant differences between rup-
tured and unruptured aneurysms. In addition, we investigate how simpler approaches 
perform compared to FSI modeling and perform mesh refinement studies. 
1.1 Overview 
Chapter 2 provides a description of the governing equations for the blood flow and 
arterial-wall deformation. The Navier-Stokes equations of incompressible flows and 
the structural mechanics equations are explained. 
Chapter 3 shows the solution technique for the fluid mechanics part as the Deforming-
Spatial-Domain/Stabilized Space-Time (DSD/SST) formulation. For the structural 
mechanics part, a standard finite element formulation is explained. The FSI model-
ing, including the coupling of the fluid and structural mechanics part, is accomplished 
using the Stabilized Space-Time FSI (SSTFSI) technique. 
Special modeling techniques are described in Chapter 4. These techniques in-
clude a method developed to seperately project the pressure and viscous forces of the 
fluid to the structure, a special mapping technique for non-circular inflow shapes, a 
preconditioning technique, a boundary condition technique for inclined planes, and 
techniques for calculating fluid effects. 
Special mesh generation techniques are explained in Chapter 5 as well as fluid 
and structural properties and boundary conditions for the computation. Simulation 
sequences for the FSI technique and the simpler approaches to modeling are also 
4 
shown. 
Chapter 6 shows results for the comparitive study, showing the physical charac-
teristics of WSS, OSI, and arterial-wall stress and stretch. The simpler approaches 
to modeling are also shown. 
Findings and conclusions are presented in Chapter 7. 
Chapter 2 
Governing Equations 
The equations in this chapter define the blood flow and arterial-wall deformation. 
For the arterial diameters and flow rates we consider in this thesis, the average shear 
rate in the artery is larger than 150 S-l. As it was pointed out in [75], the viscosity 
of the blood can assumed to be constant if the shear rate is high enough (> 150 
S-l) [82]. Therefore, we assume the blood to be Newtonian here [75] even though the 
blood is known to be non-Newtonian in general. Section 2.1 shows the Navier-Stokes 
equations of incompressible flow which govern the fluid mechanics. The arterial-wall 
is modeled with hyperelastic continuum elements made of Fung material. Section 2.2 
shows the equations governing this structural model. 
2.1 Fluid Mechanics (blood flow) 
Let Ot c lRnsd be the spatial domain with boundary r t at time t E (0, T). The sub-
script t indicates the time-dependence of the domain. The Navier-Stokes equations 
of incompressible flows are written on Ot and 'tit E (0, T) as 
p ( ~~ + u . Vu - f) -V . q 
V·u 
5 
0, 
0, 
(2.1) 
(2.2) 
6 
where p, u and f are the density, velocity and the external force, respectively. The 
stress tensor u is defined as u(p, u) = -pI + 2/-le(u) , with e(u) = ((Vu) + (Vuf) /2. 
Here p is the pressure, I is the identity tensor, /-l = pl/ is the viscosity, l/ is the 
kinematic viscosity, and e(u) is the strain-rate tensor. The essential and natural 
boundary conditions for Eq. (2.1) are represented as u = g on (ft)g and n· u = h on 
(ft)h, where (ft)g and (ft)h are complementary subsets of the boundary ft, n is the 
unit normal vector, and g and h are given functions. A divergence-free velocity field 
uo(x) is specified as the initial condition. 
2.2 Structural Mechanics (arterial-wall deforma-
tion) 
Let n: c lRnxd be the spatial domain with boundary q, where nxd = 3 for the 
continuum element and nxd = 2 for the membrane element. The superscript "s" 
indicates the structure. The parts of q corresponding to the essential and natural 
boundary conditions are represented by (f:)g and (f:)h. The equations of motion are 
written as 
S (d2y dy fS) ~ S P - + 'f}- - - v . U = 0 dt2 dt ' (2.3) 
where pS, y, 'f}, fB and US are the material density, structural displacement, damping 
coefficient, external force and the Cauchy stress tensor, respectively. The stresses are 
expressed in terms of the second Piola-Kirchoff stress tensor S, which is related to the 
Cauchy stress tensor through a kinematic transformation. For the arterial structural 
models we describe here, what makes one structural element model different from the 
other is the manner in which S is defined. 
7 
2.2.1 Continuum Element Made of Fung Material 
For the continuum element made of Fung material, the expression for S is given as 
where II is the first invariant of the right Cauchy-Green deformation tensor, Dl and 
D2 are the Fung material constants, and KpEN is defined as 
(2.5) 
Chapter 3 
Finite Element Formulations 
The equations described in this chapter are the basis for the fully coupled FSI com-
putations reported in this thesis. Section 3.1 describes the DSD /SST formulation 
that is used for the fluid mechanics part of the computation. Section 3.2 describes 
the semi-discrete formulation used for the structural mechanics parts. These two 
formulations are coupled in the SSTFSI method described in Section 3.3. 
3.1 DSD/SST Formulation of Fluid Mechanics 
In the DSD/SST method [52, 56, 57, 53], the finite element formulation is written over 
a sequence of N space-time slabs Qn, where Qn is the slice of the space-time domain 
between the time levels tn and tn+!' At each time step, the integrations are performed 
over Qn. The space-time finite element interpolation functions are continuous within 
a space-time slab, but discontinuous from one space-time slab to another. The 
notation (.); and (.);t will denote the function values at tn as approached from below 
and above. Each Qn is decomposed into elements Q~, where e = 1,2, ... ,(nel)n' The 
subscript n used with nel is for the general case where the number of space-time 
elements may change from one space-time slab to another. The essential and natural 
boundary conditions are enforced over (Pn)g and (Pn)h, the complementary subsets of 
8 
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the lateral boundary of the space-time slab. The finite element trial function spaces 
(S~)n for velocity and (S;)n for pressure, and the test function spaces (V~)n and 
(V;)n = (S;)n are defined by using, over Qn, first-order polynomials in space and 
time. 
The DSD/SST formulation (from [53]) is written as follows: given (uh );:;-, find 
u h E (S~)n and ph E (S;)n such that Vwh E (V~)n and Vqh E (V;)n: 
(3.1) 
where 
(3.2) 
This formulation is applied to all space-time slabs Qo, Ql, Q2, .. . ,QN-l, starting with 
(uh)o = Uo· Here TsuPG , TpSPG and l/LSIC are the SUPG, PSPG and LS1C (least-squares 
on incompressibility constraint) stabilization parameters. There are various ways of 
10 
defining these stabilization parameters. Here we provide the definitions given in [53]: 
(1 1) -j (3.3) TSUPG 2 + -2--
TSUGN12 TSUGN3 
TSUGN12 -
nen DNa h ( r ~18t+u .VNal ' (3.4) 
TSUGN3 
h~GN 
4v , 
(3.5) 
hRGN - 2 (~lr'lNar, (3.6) 
r 
Vlluhll (3.7) II Vlluhllll' 
T pSPG TSUPG, (3.8) 
and in [59]: 
(3.9) 
where nen is the number of (space-time) element nodes and Na is the space-time shape 
function associated with the space-time node a. As an alternative to the construction 
of TSUPG as given by Eqs. (3.3)-(3.4), another option was introduced in [59]. In that 
option, T SUPG is constructed based on separate definitions for the advection-dominated 
and transient-dominated limits: 
T SUPG 
TSUGNl 
TSUGN2 
( 1 1 1)-~ 
-2-- + -2-- + -2--
TSUGNl TSUGN2 TSUGN3 
(~I(Uh _ vh). 'lNal) -', 
~t 
2' 
(3.10) 
(3.11) 
(3.12) 
where v h is the mesh velocity and ~t is the time-step size. It was noted in [59] 
that separating TSUGN12 into its advection- and transient-dominated components as 
11 
given by Eqs. (3.11)-(3.12) is equivalent to excluding the (8~a Ie) part of (8~a) in 
Eq. (3.4), making that the definition for TSUGN1' and accounting for (8~Q Ie) in the 
definition for TSUGN2 given by Eq. (3.12). Here e is the vector of element coordinates. 
For more ways of calculating TSUPG, TpSPG and V LS1C , see [58, 1, 53, 54, 2, 55, 33, 13, 14, 
20, 15]. References [53, 54, 55] also include the Discontinuity-Capturing Directional 
Dissipation (DCDD) stabilization, which was introduced as an alternative to the LSIC 
stabilization. 
Several remarks from [67] are summarized in the following. 
Remark 1 As an alternative to how the SUPG test function is defined in Eq. (3.1), 
another option was proposed in [59}. In this option, the SUPG test function (8;t + uh . Vwh) 
is replaced with (( u h - v h ) . Vwh). This replacement is equivalent to excluding the 
( ~h Ie) part of (~h). In [59], this option was called "WTSE", and the option 
where the ( ~h Ie) term is active, "WTSA". 
Remark 2 The stability and accuracy analysis reported in !46] for the DSD/SST 
formulation of the time-dependent advection equation shows for linear functions in 
space and time that the WTSA option yields higher-order accuracy than the WTSE 
option. 
Remark 3 With the function spaces defined in the paragraph preceding Eq. (3.1), 
for each space-time slab velocity and pressure assume double unknown values at each 
spatial node. One value corresponds to the lower end of the slab, and the other one 
the upper end. In [59], the option of using double unknown values at a spatial node is 
called "DV" for velocity and "DP" for pressure. In this case, as pointed out in [59], 
we use two integration points over the time interval of the space-time slab, and this 
time-itegration option is called "TIP2". This version of the DSD /SST formulation, 
with the options set DV, DP and TIP2, is called "DSD/SST-DP". 
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Remark 4 In [59], the option of using, for each space-time slab, a single unknown 
pressure value at each spatial node was proposed with the option name "SP". With 
this, another version of the DSD/SST formulation was proposed in [59], where the 
options set is DV, SP and TIP2. This version is called "DSD/SST-SP". Because 
the number of unknown pressure values is halved, the computational cost is reduced 
substantially. 
Remark 5 To reduce the computational cost further, the option of using only one in-
tegration point over the time interval of the space-time slab was proposed in [59]. This 
time-itegration option is called "TIP1". With that, a third version of the DSD/SST 
formulation was proposed in [59], where the options set is DV, SP and TIP1. This 
version is called "DSD/SST-TIP1". 
Remark 6 For DSD /SST-SP and DSD /SST- TIP 1, in integration of the incompressibility-
constraint term over each space-time slab, as proposed in [39], we use only one inte-
gration point in time, shifted to the upper time level of the slab. All other terms in 
the space-time finite element formulation are integrated by using Gaussian quadra-
ture points in time, with the number of points set to whatever we intended to have for 
the overall formulation. With this technique, as pointed in [39], the incompressibility 
constraint equation focuses on the velocity field (uh)~+l. 
3.2 Semi-discrete Formulation of Structural Me-
chanics 
With yh and w h coming from appropriately defined trial and test function spaces, 
respectively, the semi-discrete finite element formulation of the structural mechanics 
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equations (see [26, 12, 37]) is written as 
(3.13) 
The fluid mechanics forces acting on the structure are represented by vector th. The 
above formulation is for structures represented by a membrane model (extending 
the formulation to structures represented by a 3D continuum model is described in 
Section 3.3). The left-hand-side terms of Eq. (3.13) are referred to in the original 
configuration and the right-hand-side terms in the deformed configuration at time t. 
From this formulation at each time step we obtain a nonlinear system of equations. 
In solving that nonlinear system with an iterative method, we use an incremental 
form (see [26, 12, 37, 24]), which is expressed as 
[~ (1- a),C (1- )K] Adi = Ri (3At2 + (3At + a . (3.14) 
Here M is the mass matrix, C is the damping matrix, K is the consistent tangent 
matrix associated with the internal elastic forces, Ri is the residual vector at the 
ith iteration, and Adi is the ith increment in the nodal displacements vector d. For 
spatially-constant 'f/, the damping matrix can be written as C = 'f/M. All of the 
terms known from the previous iteration are lumped into the residual vector Ri. 
The parameters a, (3" are part of the Hilber-Hughes-Taylor [19] scheme, which is 
the time-integration technique used here. In the computations reported here and 
those reported earlier by the T*AFSM, the mass matrix is lumped in the structural 
mechanics part. 
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3.3 Stabilized Space-Time Fluid-Structure Inter-
action (SSTFSI) Technique 
The SSTFSI technique was introduced in [59], where it was described based on the 
finite element formulations given by Eqs. (3.1) and (3.13), with a slight change of 
notation and with a clarification of how the fluid-structure interface conditions are 
handled. In that notation subscripts 1 and 2 refer to fluid and structure, respectively. 
Furthermore, while subscript I refers to the fluid-structure interface, subscript E 
refers to "elsewhere" in the fluid and structure domains or boundaries. Here we write 
from [59] the equations representing the SSTFSI technique: 
(3.15) 
(3.16) 
(3.17) 
(3.18) 
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(3.19) 
1 W~I . (h~1 + (h11) A + (h11)B) dO = 0, (3.20) (~hl )REF 
Here (r11 )REF and (021 )REF represent some reference configurations of r li and 0 21 , 
respectively, and X?I and X~I are the fluid mechanics and structural mechanics nodal 
positions at the fluid-structure interface. In reconciling the slightly modified notation 
used here with the notation used in Eqs. (3.1) and (3.13), we note that P2 = pS , f~ = 
rs, (02)0 = 0 0, O2 = 0:, and 0 21 and 02E denote the partitions of O2 corresponding 
to the interface and elsewhere. We also note that h~1 = th, and (h?l) A and (h?l) B 
represent the values of h?1 associated with the fluid surfaces above and below the 
membrane structure. The symbol h~E denotes the prescribed external forces acting on 
the structure in 02E' which is separate from f~. In this formulation, (U?I)~+1' h?1 and 
h~1 (the fluid velocity, fluid stress and structural stress at the fluid-structure interface) 
are treated as separate unknowns, and Eqs. (3.18), (3.19) and (3.20) can be seen as 
corresponding to these three unknowns, respectively. The structural displacement 
rate at the interface, u~J) is derived from yh. 
We note that Eq. (3.19) has been derived by assuming that the viscous-flux jump 
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terms across inter-element borders are negligible. We also note that the last term of 
that equation, in its original form in [59], was written as a global integral IQn rather 
than a series of element-level integrals. Alternatively, as pointed out in [67], one can 
leave that projection equation in its form prior to the integration-by-parts: 
1 (W~I)~+l . pn dP (Pn)h 
+ 1 (W~I)~+l . (n· (2J.Le(u))) dP, 
(Pn)h 
(3.22) 
and this would require also the projection of e(u) from the element interiors to the 
nodes. 
The formulation given by Eqs. (3.15)-(3.21) is based on allowing for cases when the 
fluid and structure meshes at the interface are not identical. If they are identical, as 
pointed out in [59], the same formulation can still be used. Also as pointed out in [59], 
if the structure is represented by a 3D continuum model instead of a membrane model, 
the formulation above would still be applicable if the the domain integrations over 02E 
and 0 21 in the last two terms of Eq. (3.21) are converted to boundary integrations 
over r 2E and r 2I . In such cases, h~E would represent the prescribed forces acting 
"elsewhere" on the surface of the structure. 
It was noted in [59] that, for constant viscosity, the term V· (2J.Le( u)) in Eq. (3.19) 
vanishes for tetrahedral elements and in most cases can be neglected for hexahedral 
elements. It was further noted in [59] that the same statement can be made also 
in the context of that term being a part of the expression L(ph, u h) appearing in 
Eqs. (3.15) and (3.16). In [59], the versions of the SSTFSI technique corresponding 
to the DSD/SST-DP, DSD/SST-SP and DSD/SST-TIP1 formulations (see Remarks 
3-5) were called "SSTFSI-DP", "SSTFSI-SP" and "SSTFSI-TIP1", respectively. 
Chapter 4 
Special Modeling Techniques 
The following chapter explains some of the special modeling techniques that have been 
developed by the T*AFSM to overcome the challenges of modeling arterial blood 
flow problems. Section 4.1 explains the method developed to seperately project the 
pressure and viscous forces of the fluid to the structure and Section 4.2 shows a special 
mapping technique developed to handle non-circular inflow shapes. A preconditioning 
technique is shown in Section 4.3. A special boundary condition technique is explained 
in Section 4.4 that is used for inflow and outflow planes that are inclined to the 
cartesian planes. Sections 4.5 and 4.6 explain how the fluid mechanics results are 
evaluated to show fluid effects. 
4.1 Separated Stress Projection 
In the "Separated Stress Projection" (SSP) option proposed in [63], the pressure and 
viscous parts of the stress at the fluid interface are projected to the structure interface 
separately, pressure as a scalar and viscous stress as a vector. The projected parts 
are then combined while integrating the interface stresses in the structural mechanics 
equations. In the SSP option, the projections given by Eq. (3.19) and (3.20) are 
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replaced with the following projections: 
(4.1) 
(4.2) 
(4.3) 
(4.4) 
where h~ is the viscous part of the stress vector, ptI is the pressure at the fluid 
interface, P~I is the projection of that to the structure interface, and n21 is the unit 
normal vector at the structure interface. The stress vector at the structure interface, 
given by Eq. (4.4), is evaluated while integrating the interface stresses in the structural 
mechanics equations. Therefore, in the way Eq. (4.4) is used, n21 is evaluated at the 
integration point, and P~I and (h~)21 are the interpolated values at the integration 
point. 
As an alternative to the projection given by Eq. (4.1), as pointed out in [67], one 
can leave that projection equation in its form prior to the integration-by-parts: 
which would correspond to Eq. (3.22) and would again require the projection of e(u) 
from the element interiors to the nodes. 
Several remarks from [67] are summarized in the following. 
Remark 7 The pressure projection given by Eq. (4.2) is solved by numerical sub-
stitution. It simplifies to direct substitution if the fluid and structure meshes at the 
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fluid-structure interface are identical. 
Remark 8 It was proposed in [40j that the "mass" matrix associated with the first 
term in Eq. (4.1) be lumped, pointing out that with this lumping the projection would 
become equivalent to a direct substitution, which would make the computations more 
efficient. This mass lumping would also be applicable to the first term in Eq. (4·5). 
Remark 9 As pointed out in [40j, a smoother stress distribution is observed with a 
lumped mass matrix than with a consistent mass matrix. 
4.2 Mapping Technique for Inflow Boundaries 
The special mapping technique for inflow boundaries was introduced in [39]. We 
repeat here from [39] the need for such a mapping technique and how the technique 
works. 
Some inflow profiles require the inlet to be circular, however the inlets in many of 
the geometries we encounter are not circular. Furthermore, as the artery deforms, the 
inlet shape changes. Thus, even if the inlet is initially circular, it will not remain so. 
The technique introduced in [39] to meet this requirement maps the inflow boundaries 
from non-circular shapes to circular shapes. The actual inflow profile U(z, t), where z 
is the coordinate vector in the inflow plane, is obtained by mapping from a preferred 
inflow profile UP(r, t). Here r is the circular coordinate and 0 ::; r ::; rB, where rB 
is the average radius of the inflow cross-sectional area, which comes from the image-
based data. It is calculated by dividing that area by 7r and taking the square-root of 
that. 
The technique involves two steps: 
1. Map z to r and calculate a "trial" velocity: 
liz -zcll 
r(z) = liz - zB11 + liz - zcl(B' (4.6) 
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(4.7) 
where subscripts "e" and "B" denote the centroid and the closest boundary, 
respectively, as shown in Figure 4.1 , and the superscript "T" stands for "trial" . 
2. Adjust the velocity: 
Q(t) T 
U ( z, t) =}; UT (z t) df U ( z, t) , ( 4.8) 
rINFL ' 
where Q is the flow rate and fINFL is the discretized inflow area; I.e. the 
integration area in the finite element space. 
ZB 
Figure 4.1: Special mapping technique. 
4 .3 Preconditioning Technique 
In computations with hyperelastic materials, we do not compute the diagonal of the 
tangent stiffness matrix. Therefore, as proposed in [66], we use a diagonal precondi-
tioner based on the assembly of only the element-level lumped mass matrices m~UMP' 
but after being multiplied by a factor that , to some extent , takes into account the 
material stiffness. In computations with the Fung material , for the multiplication 
factor , as proposed in [66], we use (C~YFU )2 , where 
(4.9) 
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Here he is the cube-root of the element volume, and ,XFP and J1,FP are given as 
,XFP = 6DID211PEN , 
(1 + lIPEN)(1 - 211PEN ) (4.10) 
In [66], [1 + (1 - 0.)(3 (2 C~YFU)2] was proposed as an alternative multiplication factor, 
where a. and (3 are the time-integration parameters mentioned in Section 3.2. 
Several remarks from [67] are summarized in the following. 
Remark 10 We use the "Selective Scaling" technique (see Remark 14 in [59]) to 
shift the emphasis between the fluid and structure parts. As pointed out in [39], the 
preconditioner described in this section improves, within the fluid+structure block, the 
relative scaling between the fluid and structure parts and provides a better beginning 
point for selective scaling, if we still find a need to use such a scaling. 
Remark 11 In its originally-proposed form in [59], the Selective Scaling technique 
was intended to shift the emphasis between the fluid and structure parts when used with 
the quasi-direct coupling technique, and between the fluid, structure and mesh-moving 
parts when used with a direct coupling technique (see [61, 59] for the terminology). 
In [41] it was extended to also shifting the emphasis between the parts of the fluid me-
chanics equations corresponding to the momentum conservation and incompressibility 
constraint. 
4.4 Boundary Condition Techniques for Inclined 
Inflow and Outflow Planes 
In earlier arterial FSI computations [64, 66, 39, 69, 40] with the SSTFSI technique, the 
inflow and outflow planes were parallel to the Cartesian coordinate planes, and slip 
boundary conditions were imposed on those planes for the structural mechanics and 
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mesh-moving equations. With the techniques introduced in [41], such slip boundary 
conditions were extended to inclined inflow and outflow planes. Here we describe 
those techniques from [41]. 
4.4.1 Structural Mechanics Equations 
The unknown space for the structural mechanics nodes at the inflow and outflow 
planes is rotated in such a way that one of the directions is perpendicular to the 
plane. The normal vector of the plane, Ds2 , is calculated for each arterial end by 
the area-weighted average of the normal vectors of the element surfaces at that end, 
where the subscripts "8" and "2" refer to the slip plane and the structural mechanics 
equations. With that, the normal component of the structural displacement is set to 
zero. 
4.4.2 Mesh-Moving Equations 
The fluid mechanics nodal positions calculated with Eq. (3.17) include the positions 
of the rim nodes at the lumen ends. However, as pointed out in [41], there is no 
guarantee that those nodes would all be on the same plane. As proposed in [41], we 
bring them all to the same plane by adjusting their positions as follows: 
(4.11) 
where X~l is the centroid of the set of fluid element edges coinciding with the rim, and 
the normal vector of the plane, Ds 1 , is calculated by using the following expression: 
NSI 
DSl = L ((X~)n+1 - (X~l)n+1) X ((X~)n+l - (X~l)n+l) . (4.12) 
k=l 
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Here NSl is the number of element edges coinciding with the rim, and (X~)n+l and 
(X~)n+l are the positions of the left and right nodes of the kth edge. We apply the 
adjustment ofEq. (4.11) also to the other nodes ofthe inflow and outflow boundaries. 
With OSl given for each inflow and outflow boundary, the fluid mechanics mesh-moving 
equations are solved with slip condition at the inflow and outflow planes, in the same 
way the structural mechanics equations are solved. 
4.5 Wall Shear Stress Calculation 
A new technique for calculating the wall shear stress (WSS) was proposed in [40]. We 
provide the description of the technique from [40]. 
We first decompose the spatial version of (wrr );:;-+1 into its two components: 
(4.13) 
where (wtr)R is the part associated with the rim nodes at the lumen ends, and (wtr)W 
is the part associated with the rest of the fluid mechanics nodes at the arterial wall. 
We then calculate (lIt) lr as follows: 
(4.15) 
where eR is the unit vector along the rim. 
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4.6 Oscillatory Shear Index 
The oscillatory shear index (OSI) is a measure of the degree to which WSS oscillates 
during a heart beat cycle. It is defined (see [49]) as follows: 
( 4.16) 
where, following the notation from [40], "NM" and "MN" stand for "norm of the 
mean" and "mean of the norm" , and 
(hh)NM 
V II - ~ lilT (h~)IIdtll, (4.17) 
(hh)MN 
V II ~ lT II (h~)IIII dt. (4.18) 
Here T is the period of the cardiac cycle. Higher OSI indicates larger flow direction 
variation in a cardiac cycle. As pointed out in [40], calculating the OSI based on a 
fixed reference frame is not the best way, because, for example, if an artery segment 
undergoes rigid-body rotation, that should not influence the OSI. Two methods that 
exclude rigid-body rotation from the OSI calculation were proposed in [40]. 
Method 1 
(hh)f:::. = JF-1 ('hh) 
v II ""v II' (4.19) 
where F is the deformation gradient tensor associated with the deformation of the 
fluid-structure interface (not the volumetric deformation gradient of the fluid-domain 
motion), and J = det F. 
Method 2 
(4.20) 
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where R is the rotation tensor coming from the decomposition of F as 
F=RU, (4.21) 
and U is the right stretch tensor. 
For both methods, (h~) ~ is calculated as follows: 
(4.22) 
where R = JF-1 or R = R T , and (rlI )ROSI is a reference configuration of the fluid-
structure interface used in the OSI calculations. In Eqs. (4.17) and (4.18), we replace 
(h~)lI with (h~)~. 
Several remarks from [67] are summarized in the following. 
Remark 12 The OSI calculations reported in this paper are based on Eq. (4.19). 
Remark 13 As pointed out in (40j) the reference configuration used in Eq. (4.22) is 
not necessarily the unstressed configuration of the fluid-structure interface. For the 
calculations reported in this paper) it is the configuration corresponding to the instant 
when the pressure is at its time-averaged value (on the way up) i. e. at the ascending 
part of the pressure curve). 
Chapter 5 
Mesh Generation and Simulation 
Conditions 
In any computational problem, the spatial discretization can be among the most 
difficult tasks. In Sections 5.1 and 5.2, we explain the process used in mesh generation 
for the patient-specific models. Sections 5.3 and 5.4 show the fluid and structure 
properties as well as boundary conditions for the computations. Section 5.6 explains 
the simulation sequences for all techniques used including the simpler approaches to 
FSI modeling. 
5.1 Arterial-Surface Extraction from Medical Im-
ages 
In our current arterial FSI research the arterial geometries come as voxel data from 
3D rotational angiography (3DRA) performed at one of the neuroangiography suites 
at the Memorial Hermann Hospital at the Texas Medical Center. This is done on a 
biplane neuroangiographic unit (Allura FD20/1O; Philips Medical System, Best, the 
Netherlands). Adjusting the contrast ratio for this voxel data allows us to visualize 
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and create a triangular surface mesh using a marching cubes algorithm. The vertices 
of the surface mesh are then passed through a Gaussian smoothing filter to eliminate 
any high frequency noise and obtain a smooth surface. At the artery inlets and outlets, 
we select cutting planes that are approximately perpendicular to the flow direction. 
As pointed out in [41], this provides better inflow and outflow planes for specifying 
the fluid mechanics boundary conditions and is also important for imposing proper 
slip boundary conditions at the inlets and outlets for the structural mechanics and 
fluid mesh motion (see Section 4.4). This entire process is carried out using software 
originally designed by Warren and McPhail for the purpose of interactively imaging 
the pulmonary structure of the human lung [31]. 
5.2 Mesh Generation and Estimated Zero Pres-
sure Geometry 
We begin by giving an overview of the mesh generation process. In the process 
outlined above, we see the artery model as composed of "patches". The patches 
are identified as the regions associated with the inflow trunk, each of the outflow 
branches, and the aneurysm/bifurcation area. The process of mesh generation begins 
by generating a structural mechanics mesh from the arterial lumen geometry that 
corresponds to an estimated zero-pressure (EZP) arterial geometry [64, 39, 68, 40]. 
The structural mechanics mesh consists of two layers of hexahedral elements with 
varying thickness. The mesh is then inflated from zero-pressure to the average pres-
sure of the cardiac cycle (92 mm Hg). After inflation, we seek to maintain a 10% 
wall-thickness ratio (relative to the diameter of the arterial lumen) at inflow and out-
flow boundaries. Then, once re-inflated to the starting pressure of the cardiac cycle 
(near 80 mm Hg), we generate a fluid mechanics mesh of tetrahedral elements that 
has a desired number of layers of refined fluid mechanics volume mesh near the arte-
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rial walls. As mentioned in [41], at locations where the arteries have large curvature 
we use more mesh refinement. 
The concept of EZP geometry was introduced in [64J. As pointed out in [64], we 
assume that the extracted arterial lumen geometry corresponds to the shape at the 
time-averaged value of the blood pressure. Given that arterial geometry at the time-
averaged pressure value, an estimated arterial geometry corresponding to zero blood 
pressure needs to be constructed. In estimating that geometry, the time-averaged 
value of the blood pressure, obtained by averaging over a cardiac cycle, is 92 mm Hg. 
The progression of the structural mechanics mesh generation process is shown 
III Figure 5.3. We begin by generating the structural mechanics mesh using the 
arterial lumen geometry from surface-extraction (see Section 5.1) as input to ANSYS 
Meshing Tools and generate a triangular surface mesh as shown in Figure 5.1a. This 
mesh is then shrunk an appropriate distance, re-meshed as a quadrilateral surface 
mesh (Figure 5.1b), and given a thickness to diameter ratio of about 12-13% so 
that it corresponds to EZP geometry. The shrinking amount and wall-thickness are 
determined based on the objective to have an EZP geometry that, after inflation to 
average pressure, gives us a shape that closely resembles the lumen geometry from 
the 3DRA with new thickness to diameter ratios of 10% at the inflow and outflow 
boundaries. The inflation to average pressure is dependent on both the shrinking 
amount and the wall-thickness as related by the incompressibility constraint. We 
iterate on the values of shrinking amount and wall-thickness until we achieve our 
stated objective. The shrinking amount and wall-thickness are specified at the inflow 
and outflow boundaries. The Laplace's equation is then solved over the surface mesh 
covering the lumen. In some cases where the outflow diameters significantly differ, 
the solution obtained from the Laplace's equation for shrinking amount and wall-
thickness could have undesirable distribution for the aneurysm/bifurcation patch. In 
these cases, the shrinking amount and wall-thickness are prescribed at a set of inter-
(a) Surface mesh of triangular elements of 
the arterial lumen geometry extracted from 
3DRA. 
( c) Shrinking amount over the arterial I u-
men geometry extracted from 3DRA. Dots 
represent inter-patch points where shrink-
ing amount is prescribed. 
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(b) Surface mesh of quadrilateral elements 
after the shrinking process. 
(d) Wall-thickness over the surface mesh af-
ter shrinking. 
Figure 5.1: Structural mechanics mesh generation process for a sample model. The 
color range represents red (large) to blue (small). 
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patch points (i.e. points that are considered to be at the boundaries between the 
patches). Figure 5.lc is an example of the shrinking amount and the necessity to 
define t he shrinking amount at a set of inter-patch points. Figure 5.ld shows an 
example of the wall-thickness amount on the shrunk surface geometry. Figure 5.2 
shows the resultant hexahedral structural mechanics mesh for a sample artery. The 
shrinking method is applied , as needed, in multiple steps (typically 2) , with surface 
remeshing between the steps in order to maintain the geometry at points of high 
curvature. Because the parameter space is wider and the targets are multiple, the 
mesh generation process involves more user experience, intuition and judgment. 
Figure 5.2: Structural mechanics mesh of hexahedral elements at zero-pressure. 
The fluid mesh generation process begins by extracting the inner surface of the 
structural mechanics mesh after it has been inflated to the starting pressure of our 
cardiac cycle (near 80 mm Hg). After that , we generate, with ANSYS Meshing Tools, 
a fluid mechanics surface mesh of triangular elements. Then, using that surface mesh , 
we generate a desired number of layers of refined fluid mechanics volume mesh near 
the arterial walls. The thickness of these layers is determined much the same as the 
( a) Thickness of the first layer of elements near 
the arterial-wall. 
(b) Fluid mechanics mesh at the 
inflow plane showing the refined 
mesh at the arterial-walls . 
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Figure 5.3: Fluid mechanics mesh generation process for a sample model. The color 
range represents red (large) to blue (small). 
wall-thickness amount is determined in [41]. The thickness of the layers are prescribed 
for the inflow and outflow boundaries. The thickness of the first layer of elements 
at the inflow and outflow boundaries is O.007x (lumen diameter at those ends). The 
Laplace's equation is then solved over the surface mesh as shown in Figure 5.3a. 
In generating the refined fluid mechanics volume mesh near the arterial walls , the 
number of layers is 4 and the progression ratio is 1.75 as shown in Figure 5.3b. The 
rest of the fluid mechanics volume mesh is generated with the T* AFSM automatic 
mesh generator. Figure 5.4 shows the fluid volume mesh for a sample artery. 
5.3 Fluid and Structure Properties 
As it was done for the computations reported in [71, 72 , 73, 74, 75], the blood is 
assumed to behave like a Newtonian fluid (see Section 2.1 in [64]). The density 
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Figure 5.4: Fluid mechanics mesh of tetrahedral elements at starting pressure. 
and kinematic viscosity are set to 1,000 kg/m3 and 4.0x 10-6 m2 /s. The material 
density of the arterial wall is known to be close to that of the blood and therefore set 
to 1,000 kg/m3 . The arterial wall is modeled with the continuum element made of 
hyperelastic (Fung) material. The Fung material constants D1 and D2 (from [21]) are 
2.6447x103 N/m2 and 8.365, and the penalty Poisson's ratio is 0.45 . Cerebral arteries 
are surrounded by cerebrospinal fluid , and we expect that to have a damping effect 
on the structural dynamics of the arteries. Therefore we add a mass-proportional 
damping , which also helps in removing the high-frequency modes of the structural 
deformation. The damping coefficient TJ is chosen in such a way that the structural 
mechanics computations remain stable at the time-step size used. It is 1.5x 104 S- l. 
5.4 Boundary Conditions 
At the inflow boundary we specify the velocity profile as a function of time, by using 
the technique introduced in [39]. Here we describe the technique from [39]. We 
33 
use a velocity waveform which represents the cross-sectional maximum velocity as a 
function of time. Assuming that the maximum velocity occurs at r = 0, the artery is 
rigid and the cross-sectional shape is a perfect circle, we can apply the Womersley [83] 
solution as follows: 
P (( r )2) N Jo(Yv'kz~) - Jo(Yv'k (r:) z~) ( t) 
U (r t) = Ao 1 - - + L Ak v'k 3 exp z27rk T ' 
, rB k=l Jo(Y kz"2) - 1 
(5.1) 
where N is the number of Fourier coefficients (we use N = 20), Ak E C are the 
Fourier coefficients of the waveform, T is the period of the cardiac cycle, Jo is the 
Bessel functions of the first kind of order 0, z is the imaginary number, and Y is the 
Womersley parameter: 
~ Y = rBy -;;T. (5.2) 
We use the special mapping technique described in Section 4.2 for non-circular shapes. 
The volumetric flow rate (which was calculated based on a velocity waveform that 
represents the cross-sectional maximum velocity) is scaled by a factor. The scaling 
factor is determined in such a way that the scaled flow rate, when averaged over 
the cardiac cycle, yields a target WSS for Poiseuille flow over an equivalent cross-
sectional area. The target WSS is 10 dyn/cm2 in the current T*AFSM computations. 
Figure 5.5 shows a sample volumetric flow rate as a function of time. 
At all outflow boundaries of an artery segment, we specify the same traction 
boundary condition. The traction boundary condition is based on a pressure profile 
computed as described in [39]. In that computation, the pressure profile, as a function 
of time, is determined based on the flow rate and by using the Windkessel model [17J. 
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Figure 5.5: Sample volumetric flow rate. 
From Eq. (5.1), we obtain the flow rate as follows: 
(5.5) 
where J1 is the Bessel functions of the first kind of order 1, and for notational conve-
nience we introduce another set of coefficients, Bk E C. The pressure, based on the 
Windkessel model, can be written as follows: 
(5.6) 
where C and R are the compliance and resistance of the distal arterial networks, and 
Po is a constant of integration. Substituting Eq. (5.5) into Eq. (5.6), we obtain the 
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following: 
p(t) = t ~k 1. [exp ('l27rk;) - exp (- ;c)] + Po· (5.7) 
k=O 'l27rk T + R 
After a sufficient number of periods, the exp (- ic) term in Eq. (5.7) goes to 0: 
T N B (t) p(t) = c L k T exp 'l27rkT + Po· 
k=O 'l27r k + RC 
(5.8) 
Here Ic is only a profile factor, because it is a parameter that only acts on each 
Fourier coefficient. We set Ie to 18.2, and the other parameters, t and Po, are set 
in such a way that the range for the pressure profile is from 80 to 120 mm Hg for 
normal blood pressure. Figure 5.6 shows the pressure profile corresponding to the 
sample flow rate shown in Figure 5.5 . 
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Figure 5.6: Sample outflow pressure profile corresponding to the sample flow rate 
shown in Figure 5.5. 
On the arterial walls, we specify no-slip boundary conditions for the flow. In the 
structural mechanics part, as boundary condition at the ends of the arteries, we set 
the normal component of the displacement to zero (see Section 4.4) , and for one of 
those nodes we also set to zero the tangential displacement component that needs to 
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be specified to preclude rigid-body motion. 
5.5 Computational Conditions 
The computations are carried out with the SSTFSI-TIP1 technique (see Section 3.3) 
and the SUPG test function option WTSA (see Remark 1). The stabilization parame-
ters used are those given by Eqs. (3.3)-(3.8). We do not use the "LSIC" stabilization 
(see Eq. (3.9) for meaning). The SSP option is used fully (see Section 4.1). The 
time-step size is 3.333 x 10-3 s. The number of nonlinear iterations per time step is 
6. The number of GMRES iterations per nonlinear iteration for the fluid+structure 
block was chosen such that mass balance is satisfied to within at most 5% for each 
case. For all six nonlinear iterations the fluid scale is 1.0 and the structure scale is 
100. In three of the cases, the fluid scales for the momentum conservation and in-
compressibility constraint are 1.0 and 10. For the mesh moving block the number of 
GMRES iterations is 30. All computations were carried out in a parallel computing 
environment and were completed without any remeshing. 
5.6 Simulation Sequence 
We compute all ten of the aneurysm cases with the four following techniques: Fluid-
Structure Interaction (FSI), Rigid Artery (RA), Structure (S), and Prescribed Shape 
(PS). The FSI technique is the most thorough technique while the other three are 
simpler approaches aimed at saving time. The accuracy of the simpler approaches 
will be studied in later Chapters. 
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5.6.1 Fluid-Structure Interaction (FSI) 
Recipes for pre-FSI computations that provide a good starting point for the FSI 
computations and improve their convergence were introduced in [60]. Now, in all 
arterial simulations carried out by the T*AFSM, the FSI computations are preceded 
by a set of pre-FSI computations. These pre-FSI computations include fluid-only and 
structure-only computations. The recipes introduced in [60] were used also in [64,66]. 
A slightly modified recipe was introduced in [39], resulting in a simulation sequence 
called "S-+F-+S-+FSI", and this is the one that the T*AFSM has been using in its 
arterial simulations since then. 
Structure-+ Fluid-+Structure-+ FSI (S-+ F -+S-+ FSI) sequence 
Step 1: Generate the structural mechanics mesh based on the shape of the unstressed 
structure. 
Step 2: Compute the structural deformation with a uniform fluid pressure held 
steady at a value close to 80 mm Hg (100 mm Hg for high blood pressure). 
• Structural deformation can be determined with a steady-state computation or 
a time-dependent computation that eventually yields a steady-state solution. 
• For the steady-state computation, t1t -+ 00 and a = 0 in Eq. (3.14), the number 
of time steps is one, and the initial displacement, velocity and acceleration are 
set to zero. 
Step 3: Generate the fluid mesh based on the shape of the deformed structure. 
Step 4: Compute a developed flow field while holding the structure from Step 2 
rigid. 
• The outflow traction is set to a value close to 80 mm Hg. 
• The inflow velocity is set to a value corresponding to the outflow traction. 
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Step 5: Recompute the structural deformation, with the fluid stresses at the interface 
held steady at their values from Step 4, and simultaneously update the fluid mesh. 
• Structural deformation can be determined with one of the two choices we had 
in Step 2. 
Step 6: Compute the FSI with the same inflow and outflow conditions used in Step 4, 
with the initial condition for the flow velocity coming from Step 4. 
Step 7: Compute the FSI with the inflow and outflow conditions pulsating. 
5.6.2 Rigid Artery (RA) 
The RA technique involves computing the blood flow with the artery shape held fixed 
at the average pressure (92 mm Hg). 
Step 1: Compute the structural deformation starting at the output from Step 2 of 
the FSI sequence and ramping the uniform fluid pressure from 80 mm Hg (referred 
to as starting pressure) to 92 mm Hg (referred to as average pressure). 
Step 2: Move the developed flow field fluid mesh from the output of Step 4 of the 
FSI sequence to the new structural position at average pressure. 
Step 3: Compute the blood flow with pulsating conditions while holding the structure 
rigid at the average pressure (92 mm Hg). 
• The inflow velocity is set to the profile in Figure 5.5. 
• The outlfow traction is set to the profile in Figure 5.6. 
5.6.3 Structure (S) 
The Structure technique involves computing the arterial-wall deformation with a pre-
scribed, time-dependent pressure. 
Step 1: Compute the structural deformation starting at the output from Step 2 of 
the FSI sequence using a uniform fluid pressure profile as seen in Figure 5.6. 
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5.6.4 Prescribed Shape (PS) 
The PS technique involves computing the pulsating blood flow with the prescribed 
arterial shape coming from the Structure computation. 
Step 1: Compute the blood flow with pulsating conditions while prescribing the 
structural shape as the output of Step 1 of the Structure technique . 
• The inflow velocity is set to the profile in Figure 5.5. 
Chapter 6 
Computational Results 
This chapter introduces the computational models and shows results of the compara-
tive study as well as the simpler approaches to modeling. Section 6.1 gives the problem 
description for each of the ten cases studied. Section 6.2 compares the WSS, OSI, 
and arterial-wall stress and stretch between the ruptured and unruptured aneurysms. 
In Section 6.3 we compare the results of the simpler modeling approaches to the FSI 
modeling results. The mesh refinement results are shown in Section 6.4. 
6.1 Computational Models 
Ten arterial cases are studied from three locations: 4 Middle Cerebral Artery (MCA), 
4 Anterior Communicating Artery (Acorn), and 2 Basilar Artery. Half of each location 
were ruptured. Figure 6.1 shows the lumen geometries for the MCA, Acorn, and 
Basilar locations. The physical parameters for each model are shown in Table 6.1. 
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M1MCA 
Unruptured 
M5Acom 
Unruptured 
M2MCA 
Unruptured 
M6Acom 
Unruptured 
M9Basilar 
Unruptured 
MCA 
Acorn 
Basilar 
M3MCA 
Ruptured 
M7Acom 
Ruptured 
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Ruptured 
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M4MCA 
Ruptured 
M8Acom 
Ruptured 
Figure 6.1: Arterial lumen geometry obtained from voxel data for the ten models 
studied. 
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Model Dr DOl D02 D03 D04 Y Qmax 
M1MCA 2.43 2.42 1.87 1.52 0.51 
M2MCA 1.56 1.41 1.38 0.97 0.12 
M3MCA 2.50 1.49 1.43 1.57 0.56 
M4MCA 1.70 1.21 0.81 1.06 0.16 
M5Acom 3.05 1.78 1.75 1.91 1.08 
M6Acom 3.13 2.12 2.12 1.96 1.20 
M7Acom 1.02 0.90 0.80 0.64 0.04 
M8Acom 1.94 2.31 2.17 1.38 1.21 0.25 
M9Basilar 2.60 1.31 1.01 0.88 1.63 0.64 
M10Basilar 3.03 1.34 1.04 1.01 0.93 1.90 1.06 
Table 6.1: Physical parameters for the ten arterial models. Diameters are in mm 
and peak volumeteric flow rate is in ml/s. 
The structural mechanics meshes for the MCA, Acorn, and Basilar locations are 
shown in Figures 6.2,6.3 and 6.4, respectively. The node and element numbers for all 
the models' structural mechanics meshes are given in Table 6.2. The fluid mechan-
ics meshes for the MCA, Acorn, and Basilar locations are shown in Figures 6.5, 6.6 
and 6.7, respectively. The node and element numbers for all the models' fluid me-
chanics meshes are given in Table 6.3. The computational parameters for each model 
are shown in Table 6.4. As explained in Section 5.5, to determine if the computa-
tion was successful, we observe the mass balance for the arterial model. Good mass 
balance is achieved when the difference between the inflow and outflow rates equals 
the change in volume of the artery over the cardiac cycle. Figures 6.8-6.17 show the 
mass balance for all the models. 
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MIMCA M2MCA 
M3MCA M4MCA 
Figure 6.2: Structural mechanics meshes at zero pressure for the MCA models. 
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M5Acom M6Acom 
M7Acom M8Acom 
Figure 6.3: Structural mechanics meshes at zero pressure for the Acorn models. 
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M9Basilar M10Basilar 
Figure 6.4: Structural mechanics meshes at zero pressure for the Basilar models. 
Structure 
Volume Interface 
nn ne nn ne 
MIMCA 14,670 9,700 4,890 4,850 
M2MCA 17,568 11 ,640 5,856 5,820 
M3MCA 12,927 8,550 4,309 4,275 
M4MCA 17,244 11 ,432 5,748 5,716 
M5Acom 14,757 9,752 4,919 4,876 
M6Acom 17,574 11 ,650 5,858 5,825 
M7Acom 8,046 5,304 2,682 2,652 
M8Acom 11,436 7,538 3,812 3,769 
M9Basilar 11 ,886 7,862 3,962 3,931 
M10Basilar 16,128 10,652 5,376 5,326 
Table 6.2: Number of nodes and elements for the structural mechanics mesh of 
each of the ten arterial models. Here nn and ne are number of nodes and elements , 
respecti vely. 
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MIMCA M2MCA 
M3MCA M4MCA 
Figure 6.5: Fluid mechanics meshes at starting pressure at the fluid- structure inter-
face and inflow plane for the MCA models. 
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M5Acom M6Acom 
M7Acom M8Acom 
Figure 6.6: Fluid mechanics meshes at starting pressure at the fluid- structure inter-
face and inflow plane for the Acorn models. 
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M9Basilar M10Basilar 
Figure 6.7: Fluid mechanics meshes at starting pressure at the fluid- structure inter-
face and inflow plane for the Basilar models. 
Fluid 
Volume Interface 
nn ne nn ne 
M1MCA 52,136 302,336 5,698 11 ,315 
M2MCA 54,284 316,980 5,574 11 ,064 
M3MCA 37,610 215 ,844 4,485 8,898 
M4MCA 60 ,217 353,953 5,807 11 ,554 
M5Acom 56,214 331 ,983 5,143 10,222 
M6Acom 33,040 192,112 3,528 6,996 
M7Acom 41 ,858 243,098 4,567 9,066 
M8Acom 38,583 223,064 4,245 8,394 
M9Basilar 41 ,838 246,098 3,953 7,845 
M10Basilar 40,801 237,797 4,155 8,220 
Table 6.3: Number of nodes and elements for the fluid mechanics mesh of each of the 
ten arterial models. Here nn and ne are number of nodes and elements , respectively. 
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Model GMRES Iterations Incompressibility Scale 
MIMCA 350 1.0 
M2MCA 450 1.0 
M3MCA 300 1.0 
M4MCA 800 10 
M5Acom 400 1.0 
M6Acom 300 1.0 
M7Acom 500 1.0 
M8Acom 400 1.0 
M9Basilar 450 10 
MlOBasilar 500 10 
Table 6.4: Computational parameters for the ten arterial models. Structure scales 
and fluid scales for the momentum conservation are 100 and 1.0 respectively for all 
models. 
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Figure 6.8: Mass balance for MIMCA. 
o 0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1 
Time (8) 
1- Inftow - Inftow-Outftow - - - d(Vol)/dt 1 
Figure 6.9: Mass balance for M2MCA. 
50 
".--.. 
rJ) 
--....... 
1 
a,) 
~ 
cO 
~ 
~ q:: 
C,) 
·c 
~ 
a,) 
S 
;::::l 
~ 
".--.. 
rJ) 
--....... 
S 
"--" 
a,) 
~ 
cO 
~ 
0.6 
0.4 
0.2 
0 
0.2 
0.1 
o 0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1 
Time (s) 
I- Inflow - Inflow-Outflow --- d(Vol)/dt I 
Figure 6.10: Mass balance for M3MCA. 
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Time (s) 
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Figure 6.11: Mass balance for M4MCA. 
51 
Cl) 
~ 0.5 
~ q::: 
.~ 
.Jj 0 
S 
~ 
<3 
:> -0.5 
,--.... 
rn 
--------
1 ~ 
Cl) 
~ 0.5 ~ 
.~ 
.Jj 0 
Cl) 
S 
~ 
<3 
:> -0.5 
o 0.1 0.2 0.3 0.4 0.5 0.6 0.7 0.8 0.9 1 
Time (s) 
I- Inflow - Inflow-Outflow --- d(Vol)/dt I 
Figure 6.12: Mass balance for M5Acom. 
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Time (s) 
I- Inflow - Inflow-Outflow --- d(Vol)/dt I 
Figure 6.13: Mass balance for M6Acom. 
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Figure 6.14: Mass balance for M7 Acorn. 
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Figure 6.15: Mass balance for M8Acorn. 
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Figure 6.16: Mass balance for M9Basilar. 
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Figure 6.17: Mass balance for M10Basilar. 
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6.2 Comparative Study 
6.2.1 Blood Flow Characteristics 
We compare the fluid mechanics results by analyzing WSS and OSI. For the ten 
arterial models, the maximum WSS occurred at the maximum inflow flow rate of 
the cardiac cycle, peak of Figure 5.5. A comparison of the maximum WSS is shown 
in Figure 6.18, and Figure 6.19 shows the average WSS over space and time. Fig-
ures 6.20-6.29 show the WSS at peak flow for all the models. Four of the non-Basilar 
models, M1MCA, M3MCA, M5Acom, and M6Acom have significant WSS on the 
dome of the aneurysm, which occur 0.03-0.06 s after the peak flow. Figures 6.30-6.33 
show the WSS on the dome of the aneurysm and the streamlines representing the 
flow field that cause the WSS for each of the four models. For these, the maximum 
volumetric flow rate is higher than the other models, meaning the difference is not 
due to the fact that 3 of the 4 are unruptured but rather due to the inflow scaling 
method we used as described in Section 5.4, which depends on inflow diameter. Fig-
ures 6.34-6.43 show the OSI for all the models. From what we observe in blood flow 
characteristics, we do not find conclusive evidence for a categoric difference between 
unruptured and ruptured aneurysms. 
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Figure 6.18: Maximum WSS (dyn/cm2 ) in space and time. 
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Figure 6.19: Average WSS (dyn/ cm2 ) in space and time. 
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0.0 30.0 60.0 90.0 
WSS (dyn/cm2) 
Figure 6.20: WSS at peak flow for M1MCA. 
0.0 8.0 16.0 24.0 
WSS (dyn/cm2) 
Figure 6.21: WSS at peak flow for M2MCA. 
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0.0 80.0 160.0 240.0 
WSS (dyn/cm2) 
Figure 6.22: WSS at peak flow for M3MCA. 
0.0 10.0 20.0 30.0 
WSS (dyn/cm2) 
Figure 6.23: WSS at peak flow for M4MCA. 
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WSS (dyn/cm2) 
Figure 6.24: WSS at peak flow for M5Acom. 
0.0 54.0 108.0 162.0 
WSS (dyn/cm2) 
Figure 6.25: WSS at peak flow for M6Acom. 
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0.0 15.0 30.0 45.0 
WSS (dyn/cm2) 
Figure 6.26: WSS at peak flow for M7 Acorn. 
0.0 7.0 14.0 21.0 
WSS (dyn/cm2) 
Figure 6.27: WSS at peak flow for M8Acorn. 
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0.0 15.0 30.0 45.0 
WSS (dyn/cm2) 
Figure 6.28: WSS at peak flow for M9Basilar. 
0.0 85.0 170.0 255.0 
WSS (dyn/cm2) 
Figure 6.29: WSS at peak flow for M10Basilar. 
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WSS (dyn/cm2) 
Figure 6.30: Streamlines showing WSS on the dome of the aneurysm for M1MCA at 
0.06 s after the peak flow. The maximum WSS on the dome is 19.0 dyn/ cm2 . 
0.0 36.0 72.0 108.0 
WSS (dyn/cm2) 
Figure 6.31: Streamlines showing WSS on the dome of the aneurysm for M3MCA at 
0.03 s after the peak flow. The maximum WSS on the dome is 107.3 dyn/ cm2 . 
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0.0 22.0 44.0 66.0 
WSS (dyn/cm2) 
Figure 6.32: Streamlines showing WSS on the dome of the aneurysm for M5Acom 
at 0.06 s after the peak flow. The maximum WSS on the dome is 65.5 dyn/cm2 . 
0.0 45.5 91.0 136.5 
WSS (dyn/cm2) 
Figure 6.33: Streamlines showing WSS on the dome of the aneurysm for M6Acom 
at 0.03 s after the peak flow. The maximum WSS on the dome is 136.3 dyn/ cm2 . 
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Figure 6.34: OS1 for MIMCA. 
0.00 0.05 0.10 0.15 
OSI 
Figure 6.35: OS1 for M2MCA. 
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0.00 0.05 0.10 0.15 
OSI 
Figure 6.36: OS1 for M3MCA. 
0.00 0.05 0.10 0.15 
OSI 
Figure 6.37: OSI for M4MCA. 
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Figure 6.38: OSI for M5Acom. 
0.00 0.05 0.10 0.15 
OSI 
Figure 6.39: OSI for M6Acom. 
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0.00 0.05 0.10 0.15 
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Figure 6.40: OSI for M7 Acorn. 
0.00 0.05 0.10 0.15 
OSI 
Figure 6.41: OSI for M8Acorn. 
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Figure 6.42: OS1 for M9Basilar. 
0.00 0.05 0.10 0.15 
OSI 
Figure 6.43: OSI for MIOBasilar. 
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6.2.2 Arterial-Wall Characteristics 
The structural mechanics results are compared by the arterial-wall stress and stretch. 
The maximum stress in space and time occurs at the peak pressure of Figure 5.6. 
Figure 6.44 shows the maximum stress of the arterial-wall for all the models. As a 
point of reference, we note from [27] that the breaking strength of saccular aneurysms 
is in the range of 730-1,900 kPa. Figure 6.45 displays the maximum variation in stress, 
which follows the same pattern as that seen in Figure 6.44. Spatially, the location 
of maximum variation is the same as the location of maximum stress as shown in 
Figures 6.46-6.55. The maximum stretch, as shown in Figure 6.56 also occurs at 
peak pressure. Figures 6.57-6.66 show the stretch at peak pressure for each model. 
The maximum stretch of the arterial-wall occurs at the same spatial locations as the 
arterial-wall stress. From what we observe in arterial-wall characteristics, we do not 
find conclusive evidence for a categoric difference between unruptured and ruptured 
aneurysms. 
1,000 
500 
r~ r~ r~ r~ -§" -§" -§" -§". ~ ~ ~v ~v ~v ~v cP vo vo vo ~'::$ Cr:,'::$ ~'" ~'V .$' ~ ... .,p"?' ~fo"?' $"?' ~'<J"?'$<q~",~'b' 
1_ Unruptured _ Ruptured 1 
Figure 6.44: Maximum stress (kPa) in space and time. 
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Figure 6.45: Maximum variation in stress (kPa) in space and time. 
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Figure 6.46: Stress at peak pressure for MIMCA. 
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0.0 262.0 524.0 786.0 
Stress (kPa) 
Figure 6.47: Stress at peak pressure for M2MCA. 
0.0 139.0 278.0 417.0 
Stress (kPa) 
Figure 6.48: Stress at peak pressure for M3MCA. 
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0.0 442.0 884.0 1326.0 
Stress (kPa) 
Figure 6.49: Stress at peak pressure for M4MCA. 
0.0 370.0 740.0 1110.0 
Stress (kPa) 
Figure 6.50: Stress at peak pressure for M5Acom. 
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0.0 205.0 410.0 615.0 
Stress (kPa) 
Figure 6.51: Stress at peak pressure for M6Acorn. 
0.0 181.0 362.0 543.0 
Stress (kPa) 
Figure 6.52: Stress at peak pressure for M7 Acorn. 
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Figure 6.53: Stress at peak pressure for M8Acom. 
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Figure 6.54: Stress at peak pressure for M9Basilar. 
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0.0 395.0 790.0 1185.0 
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Figure 6.55: Stress at peak pressure for MIOBasilar. 
Figure 6.56: Maximum stretch in space and time. 
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Figure 6.57: Stretch at peak pressure for MIMCA. 
1.00 1.25 1.50 
--
Stretch 
Figure 6.58: Stretch at peak pressure for M2MCA. 
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Figure 6.59: Stretch at peak pressure for M3MCA. 
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Figure 6.60: Stretch at peak pressure for M4MCA. 
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Figure 6.61: Stretch at peak pressure for M5Acom. 
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Figure 6.62: Stretch at peak pressure for M6Acom. 
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Figure 6.63: Stretch at peak pressure for M7 Acorn. 
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Figure 6.64: Stretch at peak pressure for M8Acorn. 
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Figure 6.65: Stretch at peak pressure for M9Basilar. 
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Figure 6.66: Stretch at peak pressure for MIOBasilar. 
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6.3 Evaluation of Simpler Modeling Approaches 
We investigate how simpler approaches to computer modeling of our ten cases compare 
to FSI modeling. The three simpler modeling techniques are computing the blood 
flow with the artery shape held fixed at the average pressure (92 mm Hg) (RA), 
computing the arterial wall deformation with a prescribed, time-dependent pressure 
(S), and computing the blood flow with the prescribed arterial shape coming from that 
arterial-wall computation (PS). The parameters for the simpler approaches are the 
same as those described in Sections 5.3-5.5 except for the two following computational 
parameters: number of nonlinear iterations per time step and the number of GMRES 
iterations per nonlinear iteration. Those values are shown in Table 6.5. For the RA 
and PS computations, we compare the WSS and OSI. For the Structure computations, 
we compare the arterial-wall stress and stretch. 
Nonlinear Iterations GMRES Iterations 
Model RA PS S RA PS S 
M1MCA 3 3 6 500 350 50 
M2MCA 3 3 6 500 500 50 
M3MCA 3 3 6 700 400 50 
M4MCA 3 3 6 900 800 50 
M5Acom 3 3 6 600 400 50 
M6Acom 3 3 6 500 350 50 
M7Acom 3 3 6 500 500 50 
M8Acom 3 3 6 500 400 50 
M9Basiiar 3 3 6 450 450 50 
M10Basilar 3 3 6 800 700 50 
Table 6.5: Computational parameters for the ten arterial models. Structure scales 
and fluid scales are 100 and 1.0 respectively for all models. 
We begin by looking at the fluid mechanics results, specifically the WSS and OSI. 
Figure 6.67 shows the maximum WSS for the FSI, RA, and PS techniques. We see the 
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maximum WSS being almost the same for the FSI and PS computations. Figure 6.68 
shows the average WSS in space and time for the FSI , RA, and PS techniques. 
The shape for the PS comes from a structural mechanics only computation where the 
viscous forces from the fluid are not accounted for. This gives the PS a slightly smaller 
shape than the FSI shape resulting in WSS that is on average 2.5% higher than FSI. 
For the RA computations, we see a clear pattern of higher WSS than the FSI. The 
RA shape is inflated to the average pressure, which, over the interval of peak inflow 
flow rate , is smaller than the FSI shape over that same interval. For this reason , 
we see the average WSS to be 4.2% higher than FSI. Using M5Acom as a sample 
model, we compare the spatial distribution of the WSS and OSI obtained with the PS 
and RA techniques (Figures 6.69- 6.72) to those obtained with the FSI computation 
(Figures 6.24 and 6.38). The differences between the RA and FSI computations show 
the need for computing with a deformable structure. 
Figure 6.67: Maximum WSS (dyn/cm2 ) in space and time. 
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Figure 6.68: Average WSS (dyn/cm2 ) in space and time. 
0.0 47.5 95.0 142.5 
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Figure 6.69: PS WSS at peak flow for M5Acom. 
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Figure 6.70: RA WSS at peak flow for M5Acom. 
0.00 0.05 0.10 0.15 
OSI 
Figure 6.71: PS OSI for M5Acom. 
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Figure 6.72: RA OSI for M5Acom. 
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For structural mechanics , we consider the arterial-wall stress and stretch. Fig-
ure 6.73 shows the maximum arterial-wall stress for the FSI and Structure techniques. 
The differences are less than 1 %. By comparing, for M3MCA, the spatial stress distri-
bution in Figure 6.74 to Figure 6.48 , we see that there is very little difference between 
the Structure and FSI results. We also look at the average wall stretch (over space 
and time of the cardiac cycle) to make sure the similarity of the Structure and FSI 
results are not only for the maximums. Figure 6.75 shows that comparison for the 
ten models. Figure 6.76 shows the spatial stretch distribution which can be compared 
to Figure 6.59. The Structure results are slightly less than the FSI results because 
the Structure technique does not take into account the viscous forces from the fluid ; 
however , as noted, these differences are small. 
1,000 
500 
o~ O~ O~ O~ o-$" o-$" o-$" o-$" .~~ .~~ ~ ~ ~ ~ c; c; c; c; ¢o..... ¢o ..... ~"" ~'V .$' ~ $":' ~'o":' .$ ":' ~'b":' -$-Q;>~ ~'" 
1_ FSI _ Structure 1 
Figure 6.73: Maximum stress (kPa) in space and time. 
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Figure 6.74: Structure only stress at peak pressure for M3MCA. 
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Figure 6.75: Average stretch in space and time. 
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Figure 6.76: Structure only stretch at peak pressure for M3MCA. 
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6.4 Mesh Refinement 
We investigate the fluid and structural mesh refinement for two models from the 
MCA location, one unruptured (MIMCA) and one ruptured (M3MCA). We use 
"-FF" and "-FS" to denote the fine fluid and structural mechanics meshes. Fig-
ure 6.77 and 6.78 show the structural mechanics meshes for MIMCA and M3MCA. 
Figures 6.79 and 6.80 show the fluid mechanics meshes for MIMCA and M3MCA. The 
node and element numbers for the structural and fluid mechanics meshes are given 
in Tables 6.6 and 6.7. We computed with FSI, and the three simpler approaches 
explained in Section 5.6. 
Figure 6.77: Structural mechanics meshes at zero pressure: MIMCA (left) and 
MIMCA-FS (right). 
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Figure 6.78: Structural mechanics meshes at zero pressure: M3MCA (left) and 
M3MCA-FS (right). 
Volume Interface 
nn ne nn ne 
M1MCA 14,670 9,700 4,890 4,850 
M1MCA-FS 51 ,819 34,418 17,273 17,209 
M3MCA 12,927 8,550 4,309 4,275 
M3MCA-FS 34,884 23,152 11 ,628 11 ,576 
Table 6.6: Number of nodes (nn) and elements (ne) for the standard and refined 
structural mechanics meshes for the two models. 
Volume Interface 
nn ne nn ne 
M1MCA 52,136 302,336 5,698 11,315 
M1MCA-FF 186,753 1,111,962 15,427 30,724 
M3MCA 37,610 215,844 4,485 8,898 
M3MCA-FF 129,612 765,022 11 ,937 23 ,760 
Table 6.7: Number of nodes (nn) and elements (ne) for the standard and refined 
fluid mechanics meshes for the two models. 
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Figure 6.79: Fluid mechanics meshes at starting pressure at the fluid- structure 
interface and inflow plane for MIMCA (left) and MIMCA-FF (right). 
Figure 6.80: Fluid mechanics meshes at starting pressure at the fluid- structure 
interface and inflow plane for M3MCA (left) and M3MCA-FF (right). 
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We compare the fluid mechanics results by analyzing the WSS and OSI. The 
maximum WSS and average WSS can be seen in Table 6.8. Figure 6.81 shows the 
WSS at peak flow for M1MCA-FF, to be compared to Figure 6.20. Figure 6.82 shows 
the WSS at peak flow for M3MCA-FF, to be compared to Figure 6.22. The OSI 
for M1MCA-FF is shown in Figure 6.83 and can be compared to Figure 6.34. The 
OSI for M3MCA-FF is shown in Figure 6.84 and can be compared to Figure 6.36. 
Figures 6.81-6.84 are for FSI computations. 
Maximum WSS 
FSI RA PS 
M1MCA 89.0 118.2 89.9 
M1MCA-FF 96.4 126.2 96.2 
M3MCA 242.2 277.7 243.5 
M3MCA-FF 230.6 265.5 230.2 
Average WSS 
FSI RA PS 
M1MCA 3.31 3.46 3.43 
M1MCA-FF 3.41 3.57 3.42 
M3MCA 8.37 8.67 8.42 
M3MCA-FF 8.44 8.77 8.46 
Table 6.8: Maximum and average WSS (dynj cm2 ) in space and time. 
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0.0 32.0 64.0 96.0 
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Figure 6.81: WSS at peak flow for M1MCA-FF. 
0.0 77.0 154.0 231.0 
WSS (dyn/cm2) 
Figure 6.82: WSS at peak flow for M3MCA-FF. 
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Figure 6.83: OSI for MIMCA-FF. 
0.00 0.05 0.10 0.15 
OSI 
Figure 6.84: OSI for M3MCA-FF. 
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We compare the structural mechanics results by comparing the arterial-wall stress 
and stretch. The maximum stress and average stretch of the arterial-wall can be seen 
in Table 6.9. Figure 6.85 shows the arterial-wall stress at peak pressure for MIMCA-
FS, which can be compared to Figure 6.46. Figure 6.86 shows the arterial-wall stress 
at peak pressure for M3MCA-FS, which can be compared to Figure 6.48. The stretch 
of the arterial-wall for MIMCA-FS is shown in Figure 6.87, which can be compared to 
Figure 6.57. The stretch of the arterial-wall for M3MCA-FS is shown in Figure 6.88, 
which can be compared to Figure 6.59. Figures 6.85-6.88 are for FSI computations. 
Maximum Stress 
FSI S 
MIMCA 717.8 716.9 
MIMCA-FS 705.9 704.7 
M3MCA 416.6 413.9 
M3MCA-FS 449.1 446.2 
Average Stretch 
FSI S 
MIMCA 1.18 1.18 
MIMCA-FS 1.18 1.18 
M3MCA 1.19 1.19 
M3MCA-FS 1.19 1.19 
Table 6.9: Maximum stress (kPa) at peak pressure and average stretch in space and 
time. 
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Figure 6.85: Stress at peak pressure for MIMCA-FS. 
0.0 150.0 300.0 450.0 
Stress (kPa) 
Figure 6.86: Stress at peak pressure for M3MCA-FS. 
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Figure 6.87: Stretch at peak pressure for MIMCA-FS. 
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Figure 6.88: Stretch at peak pressure for M3MCA-FS. 
Chapter 7 
Findings and Conclusions 
We summarize the findings of this thesis in Section 7.1 and offer conclusions in Sec-
tion 7.2. 
7.1 Findings 
The original motivation of the comparative study was to find significant differences 
between ruptured and unruptured aneurysms. However, from what we observe in 
blood flow and structural mechanics characteristics, we do not find conclusive evidence 
for a categoric difference between ruptured and unruptured aneurysms. There are 
many factors that cause an aneurysm to rupture, many of which are unknown (at 
least to us as engineers at this stage of our research on this subject) and might be 
unpredictable. Our models do not account for such factors and are computed under 
standard conditions. In an attempt to account for conditions different than standard, 
we have also computed models with high blood pressure and with thinner aneurysm 
walls (not reported in this thesis), but these do not offer further insights and still 
do not account for the biological conditions that can randomly change in a patient. 
Although the comparative studies did not generate results helping us understand why 
some aneurysms rupture and some do not, we generated a comprehensive set of data 
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that we hope would serve as a reference for researchers modeling aneurysms. 
Our work also motivated simpler approaches to modeling and mesh refinement 
studies that offer insights into possible future computations. As Section 6.3 has shown, 
when concerned only with the arterial-wall results of the computation, the Structure 
method can produce results with minimal error. However, when desiring accurate 
blood flow characteristics of a model, at least a deformable structure is required. The 
results of Section 6.4 lead us to think that a structural and fluid mechanics mesh 
more refined than those used in the comparative study might be desirable. 
7.2 Conclusions 
We have described many of the techniques developed by the T*AFSM for FSI model-
ing and their application to patient-specific FSI modeling of cerebral aneurysms. The 
SSTFSI technique, together with a number of special techniques targeting arterial 
FSI modeling were used. An extensive comparative study was performed on a total 
of ten artery models, coming from three different locations, half of which were rup-
tured. The physical characteristics of WSS, OSI, and arterial-wall stress and stretch 
were compared in an effort that was originally motivated by looking for significant dif-
ferences between ruptured and unruptured aneurysms. We also showed how simpler 
approaches perform compared to FSI modeling. The simpler approaches were com-
puting the blood flow with the artery shape held fixed, computing the arterial wall 
deformation with a prescribed, time-dependent pressure, and computing the blood 
flow with the prescribed arterial shape coming from that arterial wall computation. 
In addition, we provided some mesh refinement results. 
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